Accurate simulations on detailed realistic head models are necessary to gain a better understanding of the response to transcranial magnetic stimulation (TMS). Hitherto, head models with simplified geometries and constant isotropic material properties are often used, whereas some biological tissues have anisotropic characteristics which vary naturally with frequency. Moreover, most computational methods do not take the tissue permittivity into account. Therefore, we calculate the electromagnetic behaviour due to TMS in a head model with realistic geometry and where realistic dispersive anisotropic tissue properties are incorporated, based on T1-weighted and diffusion-weighted magnetic resonance images. This paper studies the impact of tissue anisotropy, permittivity and frequency dependence, using the anisotropic independent impedance method. The results show that anisotropy yields differences up to 32% and 19% of the maximum induced currents and electric field, respectively. Neglecting the permittivity values leads to a decrease of about 72% and 24% of the maximum currents and field, respectively. Implementing the dispersive effects of biological tissues results in a difference of 6% of the maximum currents. The cerebral voxels show limited sensitivity of the induced electric field to changes in conductivity and permittivity, whereas the field varies approximately linearly with frequency. These findings illustrate the importance of including each of the above parameters in the model and confirm the need
for accuracy in the applied patient-specific method, which can be used in computer-assisted TMS.
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Introduction
Transcranial magnetic stimulation (TMS) is a widely used, non-invasive, painless technique to modulate neural activity in the human brain. It acts via a rapidly changing magnetic field that is generated by a current flow through an external coil, positioned above the head. This timevarying magnetic field induces an electric field and corresponding currents that can interact with the neural system. This brain stimulation technique was first developed by Barker et al (1985) . Over recent years, TMS has established itself as a promising therapeutic tool as well as a very useful diagnostic and investigatory technique for various neurological diseases (Kobayashi et al 2003) and psychiatric disorders including strokes (Wagner et al 2006) , Parkinson's disease (Mally and Stone 1999) , tinnitus, epilepsy and depression. However, despite more than 25 years of research and the widespread use of TMS, most details of the underlying physiological mechanism are still unclear (Sack and Linden 2003) . To gain a better understanding of the response to TMS, it is useful to model the electromagnetic effects of an excitation pulse on the human head through the use of accurate computer simulations.
Up to now, head models with simplified geometries such as half-planes or spherical shells (Ravazzani et al 1996 , Davey et al 2003 , Miranda et al 2003 and realistic head models with isotropic material properties (Nadeem et al 2003 , Wagner et al 2006 were often used. Although spherical head models are instructive, they are a rough approximation of reality and the incorporation of realistic anatomical details is necessary. Moreover, some biological tissues have directionally dependent characteristics. For example, the electrical properties of white matter are known to be anisotropic (Wolters et al 2006) . Indeed, white matter consists of different nerve bundles connecting grey matter and has a conductivity that is nine times higher longitudinally along the nerve fibre than transversally due to myelin (Nicholson 1965) . It is important to include this anisotropy and tissue heterogeneity, since they can alter significantly the induced electric field distribution (Miranda et al 2003 (Miranda et al , 2007 . Moreover, the aforementioned anisotropic conductivity ratios are an approximation of reality and are still not exactly known (Sadleir and Argibay 2007) . Therefore, we apply in this paper a more complex head model with realistic geometry based on structural magnetic resonance images (MRI) and realistic anisotropic material parameters identified using diffusion tensor images (DTI) (Basser et al 1994a , 1994b , Tournier et al 2011 . Diffusion is the transportation of water molecules, while conductivity is the transportation of charged particles, called ions. Although these processes are different, the transport for both is mainly constrained by the same extracellular space and therefore, a strong linear relationship between the eigenvalues of the conductivity and the self-diffusion tensors exists (Basser et al 1994a , Tuch et al 2001 . By this, it is possible to convert the measured diffusion tensors to conductivity and permittivity tensors. Combining T1-weighted with diffusion-weighted MRI of the same subject leads to a detailed and precise head model reconstruction of reality.
Many articles (Haueisen et al 1995 , De Lucia et al 2007 , Salinas et al 2009 use constant conductivity values for the scalp, skull, cerebrospinal fluid (CSF), grey and white matter, which are compiled from the literature (Geddes and Baker 1967, Foster and Schwan 1989) , though the electrical properties of biological tissues vary naturally with frequency. They can be modelled in four dispersion regions by the 4-Cole-Cole model (Cole and Cole 1941, Gabriel et al 1996) . The conductivity of grey matter, for example, changes from 0.02 S m −1 (order of Hz) to 0.10 S m −1 (kHz), 0.16 S m −1 (MHz) and 0.98 S m −1 (GHz), which, in our opinion, cannot be neglected. Therefore, we implemented these dispersive effects in the simulations. At low frequencies, where the literature values are scarce and have larger than average uncertainties, the 4-Cole-Cole model should be used with caution in the knowledge that it provides a best estimate based on the present knowledge. Also, the displacement currents, due to non-zero permittivity values, are not neglected in this paper. Calculations in isotropic head models (Wagner et al 2004) have shown that it is necessary to take these currents into account for tissue permittivity values of the order of 10 7 times the permittivity in vacuum.
Various computational methods have been used to model the electric field and eddy current distribution in biological tissues exposed to externally applied magnetic fields, e.g. the finitedifference method (FDM) (Liu et al 2003) , the finite-element method (FEM) (Sekino and Ueno 2004, De Lucia et al 2007) , the boundary element method (BEM) and the impedance method (IM) (Nadeem et al 2003 , Wang et al 2008 . We employ IM, which has an easy implementation and tackles the following problems: no fully populated matrices as in BEM, which resulted in high storage requirements and long computing time; no need of discretizing the coil configuration as in the FDM and FEM, which led to a large number of unknowns; and no gridding and meshing problems since the regular 3D grid for the head model is directly extractable from MRI.
In this paper, we apply the independent impedance method (IIM) (De Geeter et al 2011a) for the simulation of TMS that was recently extended towards anisotropic tissues (De Geeter et al 2011b) . IIM is based on the conventional IM, whereby the dependent loops and consequently redundant equations (Wang et al 2008) are eliminated with improvement of conditionality and speed up of numerical convergence. We compare the induced eddy currents in isotropic and DTI-based anisotropic head models, with or without neglecting the displacement currents for two different excitation waveforms, namely a sinusoidal and a damped sinusoidal current. A transient solution could be generated by successively plotting the frequency spectrum of the waveform, selecting a finite number of frequencies using the Gauss-Legendre quadrature rule (Press et al 2007) , calculating the induced currents for each frequency with the corresponding dispersive tissue properties and finally superposing the sinusoidal solutions. This approach is, to our knowledge, new for the simulation of TMS. In summary, this paper studies and discusses the influence of tissue anisotropy, displacement currents and frequency dependence on the calculated induced currents and electric fields for TMS.
This study will help us to extend the knowledge of the electromagnetic effects of brain stimulation. It will be possible to couple the simulated induced current and field distributions of this paper to neurophysiological equations (Hodgkin and Huxley 1952, Roth and Basser 1990) for calculating the transmembrane potentials of the nerve fibres in the brain, as in Stodilka et al (2011) . The more accurate and patient-specific these simulations are, the more precise the interaction with the neural tissue and the better the understanding of TMS systems. In the end, this will lead to a more clinical relevant use of computer-assisted TMS, whereby the simulation software is connected to the coil hardware. 
Methodology

Material models
In this paper, we simulate the induced eddy currents and electric field in two different head models, both of which contain the tissues scalp, skull, cerebrospinal fluid, grey and white matter. In the first model, we assume that all tissues have isotropic material properties, whereas in the second one, we assume anisotropic cerebral tissues.
4-Cole-Cole model.
The isotropic material properties are obtained from the 4-Cole-Cole model (Cole and Cole 1941, Gabriel et al 1996) . This model describes the frequency-dependent permittivity ε and conductivity σ of different biological tissues in the frequency range from Hz to GHz. The spectrum of each tissue is expressed as a summation of terms corresponding to the main polarization mechanisms and shows four dispersion regions,
The complex relative permittivity is a function of the angular frequency ω with i the imaginary unit. The permittivity in the high-frequency limit ε ∞ , the static ionic conductivity σ i and the parameters ε n , τ n and α n are obtained by fitting experimental measurements to (1). With a choice of parameters appropriate to each tissue, ε r can be calculated over the desired frequency range and the conductivity can be computed as follows:
with the imaginary part, ε 0 = 1/μ 0 c 2 F m −1 the permittivity and μ 0 = 4π × 10
the permeability in vacuum and c the speed of light. Note that the permeability of each tissue is equal to μ 0 . The isotropic tissue properties thus obtained and used in this paper in the frequency range from 10 to 10 6 rad s −1 are plotted in figure 1 and their parameters are listed in table 1 (Cole and Cole 1941, Gabriel et al 1996) . Tissue segmentation. The geometrical description of the head model is constructed from structural MRI, more specifically T1-weighted images. The segmentation into scalp, skull and the cerebral tissues CSF, grey and white matter is done using SPM8 (Penny et al 2007) . This yields an image of 84 × 106 × 83 cubic elements of resolution 2.0 × 2.0 × 2.0 mm. The used head model is visualized from different perspectives in figure 2.
Diffusion tensor images. The anisotropic material properties are derived from DTI data of the same subject from which the structural T1 MRI data were obtained. DTI describes diffusive transport of water within tissues by an effective diffusion tensor D, which can characterize the anisotropy of the brain structure (Basser et al 1994a) . By construction, this tensor D is symmetric and positive definite. Therefore, it can be represented by an ellipsoid and can be written as follows:
where V is the orthogonal rotation matrix composed of the unit length eigenvectors v i of the measured diffusion tensor and d i are the associated eigenvalues, with i = 1, 2, 3. The conductivity tensor is also symmetric and positive definite. Its eigenvalues are calculated by obeying the volume constraint (Wolters 2003) , which states that the volume of the isotropic conducting sphere is equal to the anisotropic conducting ellipsoid. These eigenvalues are also related to those of the diffusion tensor through a constant ratio (Tuch . If we denote the eigenvalues of as σ i and the isotropic conductivity value as σ iso , we can write
Because the diffusion and conductivity tensors also share the same eigenvectors v i (Tuch et al 2001) , can be computed as follows:
Similar calculations can be carried out for constructing the permittivity tensor.
Acquisition. The DTI data set was acquired from a healthy volunteer (female, 25 years) on a 3T Philips Achieva MR scanner at the University Medical Center Utrecht, the Netherlands, using an eight-channel head coil and a single-shot spin echo EPI sequence with the following parameters : 60 diffusion-weighted images with a b-value of 1200 s mm −2 and with the gradient directions uniformly distributed over the half-sphere (Jones et al 1999) ; 1 non-diffusion-weighted (b = 0 s mm −2 ) image (NEX = 6); 70 contiguous slices (no gap), slice thickness = 2 mm; 112 × 112 acquisition matrix, reconstructed to 128 × 128 matrix size with a field of view of 224 × 224 mm 2 (acquired voxel size = 2 × 2 × 2 mm 3 , reconstructed voxel size = 1.75 × 1.75 × 2 mm 3 ); TR/TE = 10 265/107 ms and acquisition time = 21.6 min. In addition to the DTI data set, a T1-weighted image was acquired with a turbo field echo sequence: voxel size = 0.9 × 0.9 × 0.9 mm 3 ; field of view (AP, RL, FH) = 230 × 183 × 140 mm 3 ; matrix size = 256 × 204 × 156); TR/TE = 25/4.5 ms; flip angle = 30
• and acquisition time = 3.5 min. Data preprocessing, such as diffusion tensor estimation, correction of subject motion and eddy current-induced geometric distortions, and coregistration of the DTI and T1 data to a common reference space were performed as described previously Jones 2009, Vos et al 2011) .
Coil configuration
The stimulation coil used in this paper is a single air-core coil with inner and outer radii of 3.0 cm and 3.5 cm, respectively, that is positioned in the axial plane, symmetric to and 1.7 cm above the head models. Initially, we supplied this coil with a sinusoidal current
However, most commercially available TMS stimulators produce a monophasic (Magstim 200) or biphasic (Magstim Rapid) pulse of electric current. During the discharge cycle, such TMS circuit can be treated as a simple RLC resonance circuit, resulting in a damped sinusoidal current,
where
and R, C and L are the total values of the resistance, capacitance and inductance, respectively, in the circuit and V the initial voltage. In a typical TMS equipment, the capacitance amounts 10-250 μF, the coil inductance 10-30 μH and the rise time 50-250 μs (Marcolin and Padberg 2007) . The accepted ranges of peak currents and voltages are 2-10 kA (typically 5 kA) and 0.5-3 kV (typically 1.5 kV), respectively. Since the numerical method is elaborated in the frequency domain (see section 2.3), we employ the Fourier transform of the applied currents. The Fourier transform of the sine function (7) is respectively a positive and negative complex delta function of amplitude Aπ at the appropriate negative angular frequency −ω 0 and the positive angular frequency ω 0 , whereas the Fourier transform of the damped sinusoidal function (8), with α > 0, is
The values V = 1.4 kV, R = 50 m , C = 100 μF and L = 10 μH are used here, as in Wasserman et al (2008) , resulting in A = 4.441 kA and ω 0 = 2π f 0 with f 0 = 5.017 kHz, as shown in figure 3. In this way, the calculations are in line with practical stimulators. 
Anisotropic IIM
The time-varying magnetic field causes induced currents in the human head through Faraday's induction mechanism (Sadiku 2007) . In this paper, we calculated these induced eddy currents using the anisotropic IIM (De Geeter et al 2011b) and the induced electric fields, as illustrated in figure 4 .
IIM uses the 84 × 106 × 83 segmentation and assigns material properties, represented as impedances, to each limb of the voxels (Orcutt and Gandhi 1988, Nadeem et al 2003) . This generates a 3D lumped network of impedances. The magnetic induction is calculated using Biot-Savart's law (Sadiku 2007) , resulting in voltage sources in the IIM. Using Kirchhoff's voltage law (Sadiku 2007 ), a linear system of current equations can be written for each loop in this network. Based on graph theory, we fitted an appropriate spanning tree, i.e. a connected subset of the graph that contains all nodes but not any cycles, to the 3D network. By adding a limb, which is not in the tree, a loop is obtained. All these loops form a maximal set of independent loops, leading to a set of independent equations for the unknown eddy currents (De Geeter et al 2011a) . By using IIM instead of the conventional IM, the conditionality is improved and numerical convergence has accelerated. Note that we neglected the contribution of the magnetic induction originating from the induced eddy currents, since the order of magnitude of the induced currents is much smaller than the excitation current through the coil, as in Nadeem et al (2003) and Wang et al (2008) .
Recently, IIM was formulated towards space-dependent anisotropic material properties (De Geeter et al 2011b) . This led to a more complex lumped network in which each limb is characterized by one impedance and two extra current-controlled voltage sources. We used the iterative preconditioned biconjugate gradient stabilized method (van der Vorst 1992 , Press et al 2007 for solving the linear system of equations.
IIM is described in the frequency domain. To transform the resulting induced currents, indicated as G(ω), to its time domain representation g(t ), the inverse Fourier transform is applied,
The sinusoidal excitation current has only one corresponding frequency, whereas the damped sinusoidal current has a continuous spectrum. Because it is impossible to compute the simulations for each frequency, we make use of the Gauss-Legendre quadrature rule (Stroud and Secrest 1966, Press et al 2007 )
This quadrature rule seeks to obtain the best numerical estimate of an integral by picking the optimal points x n and weights w n , tabulated in Stroud and Secrest (1966) . Equation (11) can then be written as follows:
In this paper, we take a = ω 0 /2, b = 3ω 0 /2 and N = 30 to obtain an acceptable approximation of the simulated damped sinusoidal current with the continuous function of (8) in an acceptable computational time.
Results and discussion
We investigate the influence of anisotropy, displacement currents and the frequency dependence of the tissue parameters on patient-specific DTI-based TMS. The aim is to provide insights into the impact of possible assumptions and to provide an as realistic as possible TMS model. Sections 3.1 and 3.2 (section 3.3) discuss the results in the frequency domain (time domain).
Influence of anisotropy
We compare the calculated currents and fields in the isotropic head model where the material properties are obtained from the 4-Cole-Cole model with those in the DTI head model where the cerebral tissues CSF, grey and white matter are anisotropic. Figures 5 and 6 show the same 2D cross sections as in figure 2 with the induced current density distributions and the difference between both models in terms of percentage, andthe induced electric field distributions, respectively. The electric field in the isotropic head model versus that in the DTI head model, calculated from the corresponding eddy currents, is plotted point by point in figure 6 . The points situated on the yellow line display no difference between both models, whereas those above/below display an increased/decreased induction in the DTI model. The electric field can be calculated by ⎛
with E i the induced electric field and J i the induced current density for i = x, y, z and ε = ε 0 ε r . We can observe from figure 5 that for some voxels, higher current densities are obtained in the isotropic model, with a maximum of 202.64 A m −2 , and for other voxels in the DTI model, with a maximum of 199.12 A m −2 . Both maxima are located at the same position, 5.1 cm beneath the centre of the coil and coinciding with CSF. In general as well, the main current densities are induced in this fluid, with a mean value of 12.5 A m −2 , due to its high conductivity value. The outer tissues scalp and skull, on the other hand, produce the lowest induced current densities, with mean values less than 0.5 A m −2 . The difference between both simulations rises to 63.72 A m −2 , which is about 92% of the value in the DTI model and 32% of the maximum value, and is observed in CSF, 12.3 cm beneath the coil and 8.4 cm from the maximum induced current density. Table 2 lists the mean values, standard deviations, maxima of the induced currents in both head models, the correlation coefficient (cc) between those induced currents and the mean fractional anisotropy (FA) in the DTI model for the five tissues. The correlation coefficient between a set of n data points p n and q n can be calculated as
withp andq the respective means. The more this coefficient approaches 1, the more the current distributions of both head models match. FA is a value between 0 and 1 that describes the degree of tissue anisotropy, whereby 0 indicates a completely isotropic tissue,
withd the trace of the eigenvalues d 1 , d 2 and d 3 . No big differences are observed related to the mean values and standard deviations between both models. As might be expected from the settings, the cerebral tissues, which are assumed anisotropic in the DTI model and have FA values different from zero, cause the lowest cc and consequently the highest differences. This effect is most profoundly visible in white matter, which is composed of nerve bundles surrounded by insulating myelin sheaths, resulting in a high FA of 0.7192. When focussing on the electric fields, the maximum values are located in grey matter, 4.6 cm beneath the centre of the coil, and amount 129.70 and 128.29 V m −1 in the isotropic and DTI model, respectively, as illustrated in figure 6 . The distribution of the electric field in the isotropic model is similar to that in the DTI model and is therefore not plotted. The voxels showing the highest differences up to 23.94 V m −1 , which is 19% of the maximum value, are situated in white matter, 5.9 cm beneath the coil and 3.9 cm from the maximum electric field. These findings are in agreement with De Lucia et al (2007) , which reported that anisotropy has an effect on the distribution of the induced electric field, yielding differences of the order of 10% of the maximum field, located in white matter.
In this paper, we emphasize the patient-specific character of the calculations due to a precise geometry and an accurate anisotropy distribution based on T1-weighted and diffusionweighted MRI of the corresponding patient. Only the isotropic electrical properties are no personal values. They are obtained from the 4-Cole-Cole model, of which the parameters are determined to correspond to a close fit between the model and the most comprehensive human and ovine data set available for the particular tissue (Gabriel et al 1996) . A possible technique to assess non-invasively these conductivity and permittivity values within the patient is the recently introduced induced current-magnetic resonance electrical impedance tomography (IC-MREIT) (Özparlak andÏder 2005). Because the electrical properties are not exactly known for a specific patient (Sadleir and Argibay 2007) , it is important to study how sensitive the calculated stimulation effects are to changes in the conductivity. Simulations were performed a second time, with the cerebral tissues conducting a factor 1.2 better, and the differentiation of the normalized electric field with respect to the normalized conductivity in terms of percentage was investigated,
with σ 2 = 1.2σ 1 . This sensitivity is presented in the histogram of figure 7. The main part of the cerebral voxels shows a limited sensitivity, with a slightly positive mean value of 0.48%. This signifies that a change in conductivity of x leads to a change in the electric field of roughly 0.5% of x. In this specific case, E σ 2 is in average equal to 1.001E σ 1 . The standard deviation is 11.51% and the 5th and 95th percentiles, describing the low and high ends of the distribution, are, respectively −6.84% and 8.04%. This result agrees with the recent paper (Thielscher et al 2011) which demonstrated that the increased field strengths caused by tissue boundaries are robust to changes in conductivity values.
Influence of displacement currents
Figures 8 and 9 illustrate the effect of neglecting the displacement currents in the same 2D cross sections as in figure 2 by equalizing the permittivity to zero. The nearly exclusive positive values of the difference between the model with ε obtained from the 4-Cole-Cole model, denoted as DTI, and the model with ε = 0, denoted as DTI 0 , show that this neglect results in a decrease of the induced current densities up to 144.47 A m −2 , which is about 72% of the value in the DTI model and 72% of the maximum value, and is situated in CSF, 5.1 cm beneath the coil and coinciding with the maximum current density. Moreover, all voxels with a difference higher than 15.00 A m −2 correspond with this highly conductive fluid, whereas its permittivity value is 1.09 × 10 2 − i5.98 × 10 6 times the permittivity in vacuum ε 0 , as can be seen in figure 1 for the angular frequency ω 0 equal to 37.83 × 10 3 rad s −1 . When studying the same differences in terms of percentage of the induced current densities in the DTI model, as figure 8(b) , the main changes (>50%) are observed in the skin with a permittivity value of (2.98×10 4 −i4.84×10 3 )ε 0 . Both results are in contrast with the statement of Wagner et al (2004) that it is only necessary to take the displacement currents into account for tissue permittivity values of the order of 10 7 ε 0 for a source frequency of 5 kHz. Moreover, it is interesting to see that the mean values, standard deviations and maxima, tabulated in table 3, are approximately half the values of those of the DTI model. This factor 1/2 results from the term σ + iωε 0 ε r . In the normal case of ε r = 0, this equalizes keeping (2) into account and the fact that for most tissues and frequencies [ε r ] [ε r ], as can be seen in figure 1. In the DTI 0 case, where ε r = 0, this term reduces to its half, namely σ .
The distribution of the electric field induced in the DTI 0 head model is visualized in figure 9 (a) and the magnitudes in both the DTI and DTI 0 models are plotted point by point in figure 9(b) . The maximum induction in the DTI 0 model is observed in the same grey matter voxel as in the DTI model and amounts 134.15 V m −1 . The difference between both rises to 30.92 V m −1 , which is 24% of the maximum value, and is situated in grey matter, 6.1 cm beneath the coil and 5.5 cm from the maximum field. Remark that the points are spread further away from the yellow line in comparison with those in figure 6(b) , displaying higher differences of the DTI 0 model than the isotropic one towards the DTI model. However, last decennia much research has been done to evaluate the relevance of tissue anisotropy on TMS, whereas, based on our simulations, the influence of neglecting the displacement currents seems more pronounced.
A sensitivity analysis of changes in the permittivity was performed since these values are not well known, as discussed in the previous 3.1. Figure 10 shows the histogram of the normalized changes in terms of percentage between the original electric field and those obtained with the permittivity values of the cerebral tissues multiplied with a factor 1.2:
with ε 2 = 1.2ε 1 . Again a moderate sensitivity is observed, with a mean value of 1.65%. This means that an increased permittivity of 20% leads to an increased electric field of 0.33%, namely E ε 2 equals in average 0.9967E ε 1 . The standard deviation amounts 20.60% and the 5th and 95th percentiles of the distribution are −17.72% and 22.65%, respectively.
Influence of frequency-dependent tissue properties
Up to now, we have stimulated the head models with a sinusoidal excitation current. To study the influence of the frequency dependence of the tissue parameters on the calculated induced currents, we simulate the anisotropic DTI head model with permittivity values calculated using the 4-Cole-Cole model for an exponential decaying sinusoidal excitation, once with constant material parameters (calculated for ω = ω 0 ) (denoted as DTI c ) and once with frequency-dependent permittivity and conductivity values (DTI v ). The resulting eddy current densities and the difference between both models in terms of percentage (DTI v minus DTI c , divided by DTI v ) can be viewed as movie files online (see VideoIdwLogV, VideoIdwLogC and VideoIdwLogVmCP available at stacks.iop.org/PMB/57/2169/mmedia) for the same coronal section as in figure 2. Figure 11 shows the progress of the induced eddy current densities in time together with the applied excitation current. The waveform of the induced current densities varies as the first derivative of the decaying sine wave, as in Wasserman et al (2008) . and are situated in CSF at time 0.096 ms for the DTI v and DTI c head models, respectively. This voxel showed a higher density of 39.13 A m −2 for the sinusoidal excitation with the same amplitude of 4.441 kA, due to the fact that the simulated damped sinusoidal excitation signal is an approximation of function (8), by using the Gauss-Legendre quadrature rule, and consequently has a lower rate of change. The difference between the DTI v and DTI c models rises to 1.72 A m −2 in the same voxel of CSF at time 0.236 ms, which is about 36% of the value in the DTI v model and 6% of the maximum value, given that the current density amounts 4.79 A m −2 in the DTI model with variable material parameters and 3.07 A m −2 in the model with constant parameters.
At last, we perform a sensitivity analysis to determine how sensitive the solution is to changes in the frequency. We stimulate the brain again with a sinusoidal excitation current, whereby the frequency is multiplied with a factor 1.2, resulting in ω = 37.83 × 10 3 rad s −1 . Figure 12 illustrates the differentiation of the normalized electric field with respect to the normalized frequency in terms of percentage,
with ω 2 = 1.2ω 1 . Remarkable is the high sensitivity with a mean value of 100.18% and a standard deviation of 26.10%. This signifies that the electric field induced in the tissues varies approximately linearly with frequency and in this case, E ω 2 equalizes in average 1.2E ω 2 . The 5th and 95th percentiles of the distribution are 84.21% and 115.33%, respectively. The simulations can be improved by extending the interval [a,b] and by increasing the number of frequencies N, used in the Gauss-Legendre quadrature rule (12), so that the simulated excitation signal approximates better the function of (8). Nevertheless, this will also increase the computational time.
The head model used in this paper does not incorporate the anisotropy of the skull. In the first attempt to overcome this, one can assume an anisotropic ratio of 1:10 radially to tangentially to the skull surface (Rush et al 1968 , Wolters et al 2006 . Our model's level of detail can be further refined by taking more tissues and their specific electrical properties into account, as in Nadeem et al (2003) . Moreover, as described before, these properties can be made patient-specific by using IC-MREIT.
Clinical relevance
TMS has established itself as a promising tool for various neurological diseases and psychiatric disorders, since it can non-invasively modulate the neural activity. However, hitherto the clinical use of TMS is suboptimal due to the limited knowledge concerning its physiological effects, which often makes the interpretation of its results ambiguous (Sack and Linden 2003) . This important shortcoming of the technique can be overcome by accurate computer simulations of the following processes. The TMS excitation current produces a magnetic field, inducing eddy currents and an electric field in the brain. This field leads in turn to a change in the transmembrane potentials of the nerve fibres and subsequently to depolarization of the neurons. The distribution of the induced currents and electric field is thus the key parameter of the activation. In order to have a realistic and feasible coupling to the neurophysiological equations (Hodgkin and Huxley 1952, Roth and Basser 1990) , these distributions have to be detailed, patient-specific and accurate.
The study of this paper on the impact of anisotropic material properties, the permittivity and the frequency dependence of the tissue parameters and the sensitivity towards changes in conductivity, permittivity and frequency leads to a better understanding of the simulations. It helps us to improve the calculation of the electromagnetic response of brain stimulation and to extend the knowledge of the underlying physiological mechanism. Consequently, the results enable a well-considered development of future TMS systems.
The applied methodology, whereby DTI-based anisotropy, permittivity and the applied frequencies of the excitation are combined on a head model with an MRI-based geometry, can be used as the software in computer-assisted TMS. The advantage of such coupling of simulation software with coil hardware is that the brain stimulation can be planned, performed and monitored in a computer-controlled way. The information from the brain imaging techniques enables patient-specific simulations, whereby the effects of gender, age, neurological condition, etc are incorporated. Moreover, the location of the coil with the resulting electromagnetic effects can be displayed on the computer screen together with the anatomical MRI, providing a tool for online stimulus targeting. This will lead to a more optimal use of TMS in clinical practice. Nevertheless, with these plans for the future in mind, we feel compelled to mention that recent papers (Picht et al 2011 , Forster et al 2011 have compared peritumoral mapping of the motor cortex using presurgical navigated TMS, functional MRI (fMRI) and the gold standard of intraoperative direct cortical stimulation (DCS). They have reported a good match, even though the TMS in these studies used spherical head models. So, in these cases, i.e. in the superficial cortex, it appeared that detailed complex models do not have a profound effect on the location of the maximum electric field in the superficial cortex.
Clinical validation of the presented method can be executed in a first stage on rat stimulation. By means of micro single-photon emission computed tomography (μSPECT), changes of the cerebral blood flow can be evaluated, which reflect changes in the neural activity (Wyckhuys et al 2010) . In the second stage, these experiments can be translated towards human brain stimulation. The induced brain activity can also be validated by other functional neuroimaging techniques, such as positron emission tomography (PET) and fMRI. fMRI most commonly uses the BOLD technique, which measures the blood oxygen level. Since the blood flow increases more than the oxygen extraction, blood becomes more oxygenated, resulting in an indirect measure of neural activity.
Conclusion
By applying the anisotropic IIM on head models with realistic geometry and realistic dispersive anisotropic tissue properties that are based on T1-weighted and diffusion-weighted MRI, we were able to perform accurate and patient-specific simulations. The induction in the isotropic head model for a sinusoidal excitation has been compared with that in the DTI model where the cerebral tissues are taken anisotropic. Maximum induced currents of about 64 A m −2 are observed in the highly conductive CSF for both models together with differences up to 32% of the maximum current. Differences up to 19% of the maximum induced field strength, on the other hand, are situated in white matter, corresponding with a high FA due to the insulating myelin. Neglecting the displacement currents, by taking the permittivity values not into account, is frequently done in the simulation of TMS. However, this neglect results in a decrease of about 72% and 24% of the maximum induced current and field, respectively, which, to our opinion, cannot be ignored. By stimulating the DTI head model with a damped sinusoidal current, we could study the influence of the frequency dependence of the tissues, leading to a difference of 6% of the maximum induced current densities. The induced electric field shows limited sensitivity to changes in conductivity and permittivity values, whereas it seems to vary approximately linearly with frequency. Model refinements and the coupling to the neurophysiology will help to increase the knowledge and understanding of the electromagnetic response to TMS.
